diffusion equations governing electrical current flow in the heart are solved on a grid of deforming material points that access systems of ordinary differential equations representing the cellular processes underlying the cardiac action potential. Navier-Stokes equations are solved to predict coronary blood flow in a system of branching blood vessels embedded in the deforming myocardium. Japanese Journal of Physiology Vol. 54, [541][542][543][544] 2004 Abstract: A computational framework is presented for integrating the electrical, mechanical, and biochemical functions of the heart. The construction of efficient finite element representations of canine and porcine ventricular geometry and microstructure is outlined. Computational techniques are applied to solve large deformation soft tissue mechanics by using orthotropic constitutive laws for myocardial tissue and models of active tension generation embedded at the Gauss points in the finite element mesh. The reaction-
Introduction
Recent advances in computational technology now provide a new and powerful quantitative tool for understanding the integrated function of the heart. In this brief review we outline the linking of cellular myocyte models to activation, mechanics, and perfusion in the whole heart.
Models of Cardiac Anatomy
For an effective foundation for functional simulations, models of the heart are required to accurately and computationally efficiently represent ventricular geometry and microstructure. Cubic-Hermite finite element interpolation provides an effective method of achieving these dual aims. Furthermore, it is also a convenient framework for applying numerical solution techniques that are appropriate for the governing continuum equations introduced in section 4. Using the measurements of geometry and microstructure from LeGrice et al. [1] , Nielsen et al. [2] have fitted an anatomically based finite element mesh of the canine ventricular myocardium. This canine model is based in the prolate-spheroidal coordinate system that was chosen because its isochrones provide a good initial approximation of the shape of the ventricular surfaces. This reduces the number of parameters required to achieve an accurate geometric representation at each node from 24 to 6. Ongoing advances in computational technologies mean that the number of mesh degrees of freedom is no longer a limiting factor. Moreover, the parallel development of other anatomical models has provided the potential for coupling, such as the embedding of the ventricular mesh into the torso model of Bradley et al. [3] to investigate the relationship between electrocardiograms and myocardial activation [4] . These developments have motivated a shift to using the more generic Cartesian coordinate system for models of rabbit [5] and pig myocardium [6] .
Coupling Cellular Function to Cardiac Anatomy
The finite element ventricular meshes reviewed above provide a geometric framework within which cellular models of tension development [7] , excitation [8] , and metabolism [9] can be embedded. With the application of the advection diffusion and finite deformation continuum equations, whole organ cardiac activation and mechanics can be simulated. Quantification of the feed-back mechanisms and solution techniques relevant to each process is essential for the effective coupling of the cell to tissue behavior. Cellular myocyte models are embedded at the material locations of the host finite element ventricular mesh to create a finite difference mesh. This allows for the much smaller space constant required to resolve the local behavior in the activation model (section 4). Each cell model provides the local voltage source sink and transient tension characteristics of the tissue at that point. Typically, a 200 µm grid spacing is required to achieve a spatially converged solution. A significant advantage of this method for this work is that the finite difference points are embedded in the finite element mesh, so when the mesh deforms (i.e., during a finite deformation simulation), the finite difference points move with the deformation.
Active tension generated in the myocyte is determined by using the model of Hunter et al. [7] . In this model, the thin filament kinetics, which regulate the maximum number of cross-bridges that can bind to develop force, are combined with a phenomenological characterization of the binding and unbinding kinetics of the cross bridges themselves. The filament kinetics are regulated by intracellular calcium, and sarcomere length determines both the filament and the cross-bridge dynamics. Thus the coupling of active tension generation from this cellular model requires both the continuum-level myocardial strain and the calcium transient produced by excitation at the cellular level. Myocardial strain is calculated at the Gauss points within the finite element mesh as part of the solution to the equations of finite deformation (outlined in section 4). These Gauss point values are then interpolated at each cell location within the mesh.
The calcium transient is determined by coupling the detailed biophysically based Noble et al. [8] model of cellular myocyte electrophysiology to the cellular mechanics model of Nickerson et al. [10] . From this combined model, the voltage source and sink characteristics at the tissue level are determined by the action potential dynamics at the cellular level. Myocardial strain is also coupled to the electrophysiology via the stretch-activated membrane channels, which we have shown in modeling studies to have a significant effect on both cellular electrophysiology [11] and tissue activation [12] .
Several modeling elements have been developed such that the regulation of cellular excitation-contraction by metabolism can begin to be included at the cellular level. Smith [13] has recently published an efficient algorithm to link the cellular-based model of tension generation to energy consumption. Ch'en et al. [14] have developed a detailed model of pH regulation within the myocyte, and most recently the ATP regulation of energy-dependent membrane transport has also been characterized [9, 15] .
Whole Organ Modeling
The cellular models of electrophysiology and tension generation (section 3) provide the active properties that in combination with the anatomical models (section 2), require the application of governing continuum equations to predict myocardial activation and deformation.
The orthotropic conductivity tensor is based on the local microstructure (fiber, sheet, and sheet normal) architecture of the myocardium embedded in the ventricular model. The finite difference method is then used to numerically solve the bidomain equations and simulate the spreading of excitation within the myocardium.
The passive constitutive properties of the myocardium have been encapsulated by the use of a strain-energy function known as the pole zero law [7] . The form of this law accounts for the nonlinear stress-strain mechanical behavior of the myocardium and, like the conductivity tensor, aligns the tissue properties with the tissue microstructure. The active tension generated by the cellular model is mapped to the Gauss points in the finite element mesh and combined with ventricular pressure to define boundary conditions for the mechanical model. The equations of finite deformation are solved by use of the finite element method to generate a quasi-static mechanics solution at each time step. Figure 2 shows the results of applying these techniques to solve a coupled electromechanics on a twodimensional section of the cardiac ventricles represented in rectangular Cartesian coordinates. In (a), (c), and (e), the initial ionic concentrations are homogeneous and set to physiological values. In (b), (d), and (f), a region of ischemia is simulated (identified by the area with raised resting potential in (d) of about -70 mV in the center of the ischemic region) by raising intracellular proton concentration (pH equal to 6.5) and extracellular potassium (10 mM), inhibiting the sodium pump by reducing the conductance by 25% [16] . These changes produce an altered activation pattern, particularly in repolarization because of a shortened action potential, and a significant reduction in contraction at end ejection (the area reduction from end inflation to end ejection is 52% in the nonischemic case and 25% in the ischemic model).
The three-dimensional ventricular models outlined in Section 2 provide a host mesh for an explicit anatomically based model of the coronary arterial tree [17] . When an axial velocity profile is assumed, the Navier-Stokes equations can be solved on this mesh [18] and coupled to myocardial deformation and compression such that the variation in coronary blood flow is simulated through the contraction cycle (Fig. 3) .
From the mechanics solution, the product of fiber stress and strain can be integrated through the contraction cycle to provide a measure of regional work in the myocardium (shown in Fig. 3b ).
Future Work
The ultimate goal of the framework presented above is to solve coupled electromechanics on a three-dimensional anatomically based heart by the use of a biophysically based cell model. Coupling activation and myocardial contraction to cellular metabolism and coronary circulation will provide the ability to link cellular and whole heart mechanisms in important pathologies. As shown above, the three-dimensional models of ventricular geometry [1] ventricular mechanics [20] , and coronary vessel anatomy [17] are available for this study, and cellular models are being rapidly developed. The computational requirements of a full three-dimensional anatomical model are formidable. However, the major component of the computations, heart activation solution, scales linearly, indicating a reduction in computation time in Giving Form to the Function of the Heart Whole-heart models. (a) coronary blood flow from solution of the Navier-Stokes equations coupled to myocardial contraction at end diastole where velocity is scaled between 300 mm/s (red) and 0 mm/s (blue) (adapted from Smith et al. [17] ), (b) the regional work calculated through the contraction cycle. The small cubes at the Gaussian quadrature points in the deforming finite element mesh are colored and sized according to the work from blue (low) to red (high) (from Smith et al. [19] ).
proportion to the number of processors on a parallel supercomputer. With a three-dimensional model having an estimated 31 million grid points, we expect this linear scalability to be maintained up to 1,024 processes. We estimate a solution time of 60 h requiring 1 TB of disk storage, using 1,024 processes on a typical high-performance distributed memory machine. Thus we believe the computational scope of modern parallel high-performance processors is now adequate for applying the techniques outlined above in three dimensions.
